Freeze-drying Chitosan coating a b s t r a c t
Introduction
pathway of insulin where it goes to the liver via the portal vein after absorption from the gastro intestinal tract (GIT) [6] . However, the oral delivery of insulin or any other therapeutic proteins faces several challenges because of the complicated physiology of the GIT in terms of gastric acidic environment, enzymatic degradation and difficulty of absorption of large polar molecules [7] . The previously stated challenges have led to the utilization of polymer microencapsulation techniques in order to protect macromolecules from degradation in the GIT. [5] . The most common microencapsulation techniques involve the use of organic solvents that may lead to the exposure of hidden hydrophobic fractions of macromolecules at the organic/aqueous interface and subsequently causes structure denaturation [8, 9, 10] . As a consequence, many researchers have tried to overcome these formulation problems by fabricating porous particles and loading the macromolecules inside the pores. For instance, Puri et al. examined the release of bovine serum albumin and dextran adsorbed into porous PLGA MPs where they studied the effect of protein/polymer interaction on the release rate [11] . Porous polymeric MPs are usually synthesized by solvent emulsion technique which produces large polydisperse macropores [12] . Nevertheless, the main problem with conventional adsorption techniques is that the loading capacity is minimal for most molecules and requires high initial loading amount of protein, whereas the cargo release can be very fast from the pores [13] . These drawbacks are the reason why researchers developed different techniques that can be used for pore blocking after drug loading, aiming to increase protein loading and sustain its release. [14] . For instance, Reinhold et al. [15] and Bailey et al. [16] were able to block the pores of polymeric PLGA MPs using heat for 30-48 h. Other groups studied pore closure after loading of their cargo onto preformed porous PLGA MPs by immersing them in organic solvents as acetonitrile [14] or hexane [8] and could maintain a sustained release pattern over 72 h. However, the use of either heat or organic solvents may lead to a premature release of the cargo molecules. Additionally, these methods might disrupt the structural integrity of the carrier vehicles and they can cause damage to the sensitive drug molecules. In the GIT, these particles may be also washed out before drug release and possible absorption by enteric epithelium [5] . Eventually, polymer coating was chosen to be an optimum solution in ways of both blocking the pores and suitability for oral administration [17] . However, the effect of polymer coated postloaded porous MPs on oral administration was hardly examined [18, 19] .
Several polymers were employed in coating PLGA MPs; alginate [20] , poly ethylene glycol [17] , polymethacrylic acid [21] or chitosan. Of all these polymers, chitosan (CS) is by far the most common polymer used in MP coating because of its biocompatibility, mucoadhesion and penetration enhancing property [22] .
Herein, we used porous MPs made of PLGA for examining the effect of chitosan coating on the loading and the release of insulin from macropores. For the facile adsorption of insulin a novel technique was used. To the best of our knowledge, the so-called double freeze-drying technique has not been employed so far for something similar.
2.
Materials and methods
Materials
Poly-DL (lactide co-glycolide) 50 
Preparation of porous PLGA microparticles
PLGA MPs were synthesized using a water in oil in water (W/O/W) emulsion solvent evaporation method [3] . The primary emulsion was prepared by adding HP βCD to 0.6 ml 5% PVA, followed by emulsification with 250 mg PLGA in DCM (2 ml) and homogenization at 16,000 rpm for 2 min using a Heidolph Diax 900 homogenizer, Germany. The primary emulsion was poured onto 1% PVA solution (75 ml) and homogenized for another 3 min. The MPs were magnetically stirred overnight, then washed three times with DI and lyophilized using Christ alpha 1-2 LD plus lyophilizer (Christ, Germany).
Preparation of chitosan coated insulin loaded MPs
Surface coating of MP samples with chitosan: 10 mg porous PLGA MPs were incubated with an insulin solution 5 mg/ml in 0.01 M HCl (1 ml). The suspension was stirred for 4 h at 4 °C in dark, then lyophilized overnight. The freeze-drying cycle involved freezing at −50 °C, followed by the sublimation of frozen water at 0.065 mbar vacuum till complete dryness after 16 h. The MP/insulin mixture was reconstituted in chitosan solution (2.5, 5, 10 and 15 mg/ml) (1 ml) in 0.1 M acetate buffer pH 4 and stirred for another 4 h before entering a second freeze-drying cycle. 1 ml chitosan solution (5 mg/ml) containing insulin (5 mg) was stirred with MPs overnight or lyophilized once to test the effect of absent, single or double freeze-drying on insulin loading.
Characterization of porous MPs
Laser diffraction method was used to determine particle size. The dried MP samples were suspended in distilled water and the obtained homogenous suspensions were examined to determine the mean diameter and span index which was used as an indicator for MP size polydispersity. The porous morphology of MPs before and after CS coating was visualized using scanning electron microscopy (JEOL 5500, Tokyo, Japan). First, the MPs were gold sputtered for 1 min (Spi sputter coater, Westchester, USA). The MPs were fixed on a metal slab using a double adhesive tape. Pore diameter of PLGA MPs was quantified using image analysis software of a quanta FEG 250 scanning electron microscope. Since surface porosity is important indication for drug loading, we performed surface porosity analysis similar to what reported in [23] with slight difference using the sum of total surface area of pores instead of using area fraction.
The surface porosity values obtained represent the percentage of surface pore area per unit area (1 μm 2 ) of PLGA MPs as follows:
Surface porosity % = sum of pore areas MP surface area 50 × 100 (1) 2.5.
Determination of insulin loading capacity
Lyophilized samples were redispersed in 1 ml DI, then centrifuged for 8 min at 13 680 rcf/12 000 rpm at 4 °C using Hermle z111 cooling centrifuge, (Hermle, Germany). The supernatant was removed and the MPs were washed with 100 μl DI to remove any excess peptide on the MP surface then the loaded insulin was extracted by adding a mixture of 1 ml 0.05 M HCl/0.4 ml acetonitrile according to [3] . The extracted insulin was determined using a Shimadzu UV-1601 PC spectrophotometer (Shimadzu, Japan) The loading capacity (LC%) was calculated according to the following equation: LC% = insulin in MPs wt of the particles × 100 (2)
Synthesis of fluorescein isothiocyanate conjugates with insulin (I-FITC)
Conjugation of FITC to insulin was done according to a method previously described in the literature [24] . 8 mg FITC was dissolved in 1 ml DMSO, yielding a final concentration of 2 mM. 250 μl of the FITC stock solution was added in 5 μl aliquots to 40 mg of an insulin solution (1.4 mM), dissolved in 5 ml carbonate buffer at pH 9. The reaction mixture was stirred for 2 h in the dark, before 250 μl of a 1 M NH 4 Cl solution was added to quench excess fluorescence. Excess dye was removed using a PD-10 gel filtration column (GE healthcare, UK). The F/P ratio (1.5) was determined from the absorbance of the peptide and FITC at 277 and 495 nm respectively [24] . The I-FITC conjugate was used in further studies to examine the distribution of insulin in MPs and to study the insulin release pattern from MPs.
Determination of I-FITC distribution in coated MPs
In order to visualize the insulin distribution within the MPs before and after CS coating, confocal imaging was used to examine I-FITC loaded MPs [15, 25] . MPs were re-dispersed in DI placed on a glass slide and covered with a cover slip. The particles were then imaged at excitation and emission wavelengths of 495 and 517 nm respectively using confocal microscope (Zeiss CLSM 710, Carl Zeiss, Germany). MP samples were scanned to a depth of 20 μm by a 1 μm increment using a 63x objective length in a z-stack mode. Finally images were processed using LSM image browser software 4.2.
In vitro release of I-FITC from porous MPs
The release of insulin from both coated and uncoated MPs were studied at pH 7.2. 1 ml I-FITC (insulin concentration corresponding to 5 mg/ml in carbonate buffer pH 9) was acidified to pH 3 with 2 M HCl then loaded into the pores of the particles. Subsequently, the MPs were coated with CS as mentioned in CS coating section. Afterward, 10 mg of CS coated PLGA MPs was redispersed in 1 ml DI, centrifuged for 8 min at 12 000 rpm at 4 °C. The supernatant was removed, the particles were washed with 100 μl DI and suspended in 4 ml phosphate buffer pH 7.2 then placed in a shaking water bath at 37 °C. 3 ml of the particle suspension was centrifuged at each time interval and replaced with a fresh buffer solution. I-FITC concentration was determined using an LS50 B spectroflourimeter (Perkin-Elmer Instruments, USA) at excitation and emission wavelengths of 474 and 504 nm respectively. In order to simulate the effect of pH variation in GIT on insulin release from chitosan coated MPs, I-FITC loaded CS-PLGA MPs were released in two different release media at pH values of 7.2 and 1.2. All aliquots were diluted and measured in pH 7.2.
Determination of insulin structural stability using sodium dodecyl sulfate polyacrylamide gel electrophoresis (SDS-PAGE)
In order to trigger detect the cargo integrity after loading, the insulin-loaded MPs were extracted using 0.01 M HCl for 12 h in a water bath adjusted at 37 °C. The samples were boiled for 5 min with 2% SDS and 10 mM β-mercaptoethanol in trisglycine buffer pH 7.5, then run along a 16% SDS polyacrylamide gel for 4 h at 200 V before it was stained with Comassie Blue [26, 27, 28] .
Determination of protein integrity using spectrofluorimetry
The tertiary structure of insulin was determined using fluorescence spectrophotometer at excitation and emission wavelengths 277 and 307 nm respectively. The fluorescence spectrum was compared to standard insulin in 0.01 M HCl (1 mg/ml) and denatured insulin sample which was left in a water bath for a month at 37 °C.
In vivo experiments

Animals
For studying the effect of insulin released from MPs on lowering blood glucose , Sprague-Dawley male rats (170-200 g) were kept for a week before experiment under 12 h day/night cycle at room temperature. Each rat was intraperitoneally injected with STZ in a dose of 60 mg/kg dissolved in a sterile 0.1 M citrate buffer pH 4.5. The blood glucose level was monitored till diabetes induction. In five days, rats were considered diabetic if their plasma glucose level exceeded 200 mg/dl. All animal handling agreed with the guidelines of the ethical committee at the Faculty of Pharmacy Ain Shams University, Cairo, Egypt.
Oral administration
For the pharmacodynamics experiment diabetic rats were fasted for 12 h and divided into four groups (5 animals each) with free access to water. Group I was used as positive control and administered insulin injection subcutaneously (SC) at a dose of 5 IU/kg (0.18 mg/kg). Groups II-IV administered insulin loaded PLGA MPs, insulin loaded CS-PLGA MPs and oral insulin suspension (negative control) in doses equivalent to 50 IU/kg (1.8 mg/kg). At each time interval 0.5, 1, 2, 3, 4, 6, 8, 10 h, blood glucose was measured with using Accu-Chek® monitoring kit (Roche Diagnostics, USA) and the mean blood glucose reduction ± standard error of the mean (SE) was plotted against time. The area above the curve (AAC) was calculated in order to determine the relative bioavailability (BA rel ) compared to subcutaneous injection [5] using the following equation BArel = AA C oral × Dos e SC AA C SC × Dos e oral × 100% (3)
Statistical analysis
All measurements were performed in triplicates, and the mean value ± standard deviation was calculated unless otherwise stated. Significance was determined using analysis of variance (ANOVA) tests. Data was considered significant when P value was < 0.05.
Results and discussion
Preparation of porous MPs
Porous PLGA MPs were prepared by modified w/o/w emulsion technique where HP βCD was used as an osmotic agent and incorporated in the primary aqueous phase to increase the osmotic pressure relative to that of the external phase. Pores would be formed from leaching of osmogen during secondary emulsion formation. As shown in Fig. 1 A, this method created large porous surface with high degree of polydispersity of pore diameter ranging from 0.5 to 5 μm. The polydispersity of pore diameter is a result of the heterogeneous energy introduced from high shear homogenization affecting the speed of polymer precipitation during particle formation and hence pore formation [29] . According to Ungaro et al., the increase in osmotic porogen concentration in porous PLGA formulation in turn increases the osmotic pressure leading to a higher degree of porosity [12] . However our SEM data indicated that these findings can only be applied up to a certain concentration. In our case, three concentrations of HP βCD (5%, 10% and 20%w/w) were examined for their porosities by SEM visual analysis software ( Fig. 2 ) .
Surface porosity of PLGA MPs increased from 1.15% ± 0.3% to 2.43% ± 0.7% when HP βCD concentration was raised from 5% to 10%, however, further increase in HP βCD concentration produced MPs with almost no number of surface pores. It can be hypothesized that increasing HP βCD concentration above specific level can increase the probability of forming a complex with PVA and hinders the leaching of the porogen from the MP matrix to form pores. Therefore, HP βCD concentration 10% (w/w) was selected for further studies as it would provide a highly porous structure that can accommodate more peptide. Data is represented as mean ± SD, n = 3 .
The effect of PLGA Mwt on surface porosity was also examined using three different Mwts (7, 15 , 80 KDa) of the polymer. By visual inspection and surface porosity data ( Table 1 ) , it can be noticed that surface and bulk pores significantly increased from 2.4% ± 0.7% to 15.4% ± 6% ( P < 0.001), with increasing Mwt from 7 to 15 kDa but by further increase in Mwt, MP porosity decreased again to 2.8% ± 2.3%. This may be due to the fact that the higher the Mwt of PLGA, the faster the polymer precipitation forming solid polymer-shell during MP premature stages. Consequently, porogen premature escape will be minimal as the polymer precipitates and the porogen can be held within the polymer matrix, afterward, porogen extraction to the external aqueous phase can be achieved and the MPs will be more porous due to the defects produced during the escape of porogen through the formed viscous shell [30] . However, with further increase in Mwt from 15 to 80 kDa the polymer solution becomes too viscous for the porogen to be extracted in the external water phase leading to the formation of MPs with lower porosity [29] . In all formulations both pore diameters and pore diameter distribution were not significantly affected by either PLGA Mwt or HP βCD concentration but rather the density of surface pores was significantly affected by both parameters. It is also clear that increasing the polymer Mwt had a direct relation to MP size and span index ( P < 0.001); reaching up to 40 ± 20 μm with the highest PLGA Mwt. From the data above, we used HP βCD concentration of 10% (w/w) and polymer Mwt of 15 kDa for further investigations.
3.2.
Factors affecting insulin loading efficiency
CS molecular weight
Two different CS Mwts (low, high) were used to coat PLGA MPs with double freeze-drying technique. Fig. 3 A shows that low Mwt CS had significantly ( P < 0.001) higher LC% at CS concentrations 5 and 10 mg/ml and slightly higher values at the other concentrations (2.5 and 15 mg/ml).
CS concentration
Different concentrations of CS were tested to choose the optimum amount of CS to coat the particles without inducing aggregation or reducing drug loading efficiency. When studying the effect of various concentrations of both low and high Mwt CS on insulin LC% with PLGA MPs ( Table 2 ) , it was found that insulin LC% significantly increased ( P < 0.05) as the concentration of CS increased. It reached a LC% value of 20% ± 0.9% at CS concentration 5 mg/ml, after which this finding was reversed and the LC% decreased to 6.9% ± 0.9% and 3.6% ± 0.3% at CS concentration of 10 and 15 mg/ml respectively. A possible explanation could be that at low concentrations, the polymer chain can be desorbed upon re-dispersion leading to premature drug release. As the CS concentration increases, the polymer chains swirl taking a 'train/loop' conformation [29] . This conformation increases the effective contact area with MPs as they fill the pores. Consequently the viscosity of the coating layer increases preventing insulin leaching out of the pores during the reconstitution step. 
ml).
Loading technique LC ± SD (%)
Data is represented as mean ± SD, n = 3 .
CS concentration and similarly Mwt, causes an increase in the viscosity which drive deposition of higher amounts of polymer chains on the initial layers. As a result, the deposited layers become loose due to the repulsion between the cationic CS chains and would be easily leached upon reconstitution taking the insulin payload with it [29] .
Coating method
In order to confirm the effectiveness of double freeze-drying technique on increasing LC%, passive coating was done where a mixture of insulin and CS was incubated with PLGA MPs overnight or freeze-dried in a single step. As seen in Fig. 3 B, double freeze-drying showed significantly ( P < 0.01) higher values of LC% of PLGA formulae prepared by double freezedrying in comparison to MPs loaded by simple mixing or single freeze-drying. An explanation for this might be that the CS layers initially adsorbed on the surface would hinder further penetration of relatively small insulin molecules into deeper pore structure inside the particles but instead remain only captured within the coating layer in the surface pores ( Table 3 ) [31] .
Insulin loading and chitosan coating of porous MPs
Coating of insulin loaded porous MPs with CS was investigated in an attempt to increase the loading and sustain the release of insulin by blocking surface pores. CS was selected because it is a biocompatible polymer well known for its capability of opening tight junctions between epithelial cell lining of GIT [32] as well as its adhesive properties to mucus layer secreted by gut wall [33] . For this reason, CS is considered one of the most suitable polymers for oral preparations [34, 35] . The most common techniques of coating PLGA with CS involved the addition of CS in the secondary emulsion phase during the formation of PLGA MPs via emulsion solvent evaporation method [36] . Coating would be formed by either electrostatic or covalent bonds between CS and PLGA surface during MP formation [37] . However, this technique would not be feasible with post-loading of macromolecules. Hence, other research groups performed CS coating by incubating the polymer with drug loaded MPs known as "immersion technique" [38, 39] . The mechanism of CS adsorption onto the surface of PLGA was known to follow Freundlich isotherm indicating multilayer adsorption [29] . It has been also reported that CS/PLGA interactions depend on hydrophobic or electrostatic interaction between positively charged chitosan and carboxyl end groups on the PLGA surface [38] . Since passive incubation with CS solution could risk the loss of pre-adsorbed drug especially from large pores of PLGA MPs, we developed a new technique based on double freeze-drying. In this method, the preformed MPs were loaded with insulin by freeze-drying and CS coating was then performed by re-suspending the MPs in chitosan solution using a second freeze-drying cycle. After reconstitution in CS solution, the excess insulin remaining after the first freeze-drying cycle would not only aid in suppressing insulin desorption by the effect of concentration gradient but would also help increasing the amount of insulin loaded into the MPs.
Coating by freeze-drying is a combination between two conventional techniques, namely, freezing and vacuum drying. The theory behind freezing lies in the difference in freezing points of water inside the pores of the substrate MPs and that in the bulk. Such difference, accounts for the super-cooled state inside the pores leading to an influx of solutes along with a vapor pressure gradient between bulk ice layer and the liquid water state remaining in the pores [40, 41] . Similarly, the sublimation of solvent by vacuum increases the concentration of the solution and more solutes can accumulate inside the pores due to the variation in surface tension leading to stronger capillarity [42, 43] . Hence, the use of both physical phenomena augmented the adsorption of both small insulin molecules and large CS chains into porous MPs.
Morphological characterization of CS coated MPs
CS coated PLGA formulae were visualized using SEM. SEM micrographs ( Fig. 1 B-D) show the deposition of CS onto the surface of PLGA MPs at different CS concentrations compared to uncoated ones. SEM images reveal the disappearance of surface pores with the deposition of CS coating. By visual inspection and surface porosity data ( Fig. 1 E) , it can be noted that the number of surface pores was inversely related to the CS concentration. Hence, CS concentration of 5 mg/ml showed the most efficient blocking (surface porosity decreased from 15% ± 6% to 1.3% ± 0.02%, P < 0.001) compared to the higher concentrations 10 and 15 mg/ml (surface porosity was 2.9% ± 1.3% and 6.6% ± 4% respectively, P < 0.001, Table 4 ). These findings confirm the reason for the highest LC% achieved with 5 mg/ml where the polymer diffusion into the pores towards the surface reached its maximum. 
Studying the distribution of insulin among MPs after CS coating
In order to detect the insulin distribution among porous MPs after CS coating, I-FITC loaded MPs were coated by CS using double freeze-drying and visualized by confocal microscope ( Fig. 4 ) . Confocal microscopy is an extensively used technique for the visualization of fluorescently labeled proteins and peptide molecules inside porous MPs [25, 44] . When CS coating was introduced to PLGA MP surface ( Fig. 4 B) , the fluorescence intensity was homogenously distributed among CS outer coat of the MPs compared to the fluorescent foci observed in uncoated counterparts indicating the presence of insulin molecules within CS coat ( Fig. 4 A) . In addition, the interior matrix of the MPs also showed fluorescence within the porous matrix that persisted in deeper sections, however, the fluorescent intensity remains higher on the particle outer layers when compared to the MP core indicating the difficulty of insulin penetration to deeper layers.
3.6.
In vitro release of I-FITC from coated MPs Fig. 5 A shows a significant ( P < 0.001) decrease in the burst release of I-FITC from the coated PLGA MPs when compared to the uncoated MPs. In the first hour about 49.6% ± 3.9% of I-FITC was released whereas almost all insulin was released at the same time interval from the uncoated MPs. However, despite the pore blocking by CS coating, premature release could still be observed. This can be explained by the physical adsorption of some I-FITC molecules on the surface of the polymershell around the MPs that remained even after the washing step. This proves the ability of CS coating to sustain the release of insulin from PLGA MPs while maintaining a primary burst release phase necessary for providing a rapid onset for insulin therapy.
Because of the significant effect of coating on I-FITC release from PLGA and due to CS pH sensitivity [45] , we studied the pH variations in the GIT where MPs will be subjected to different environments that may affect their desorption, the release behavior of CS coated PLGA MPs was studied at two different pH values (1.2 and 7.2) at 37 °C to simulate gastric and intestinal pH respectively. Fig. 5 B shows a two folds higher release of I-FITC at pH 1.2 in the first 2 h in comparison to pH 7.2. However, the release at pH 1.2 was still 1.5 folds lower than the release of uncoated MPs at pH 7.2. Moreover, the release pattern of insulin at pH 1.2 following the first 2 h was similar to that at pH 7.2. The slower release pattern following the first 2 h can be attributed to the CS adsorbed inside the pores that remained after swelling of the surface CS layers and slowed Data is represented as mean ± SD, n = 3 .
down insulin release. It is to be noted that amine groups on glucosamine moieties of CS chain are protonated at pH lower than its pKa (approximately 6.8) hence the coat swelling increases and the flow of the release medium through the CS coat to dissolve I-FITC becomes much faster [45] . In addition, the lower pH value increases the protonation of insulin and subsequently its solubility.
To determine the release kinetics, the cumulative release was examined in different release models; zero order ( 4 ), first order ( 5 ) and diffusion controlled release (Higushi equation) ( 6 )
where Q is the % cumulative drug release at time t , k is the drug release constant. From the coefficient of determination ( R 2 ) for kinetic plots in Fig. 6 A-C, it's apparent that the release of I-FITC from CS coated PLGA in the first 8 h fits best in the Higushi equation which indicates that the release mode is diffusion controlled ( Table 5 ). This finding agrees with Bhattacharyya et al., [17] and Hao et al., [46] who examined the release from porous systems such as mesoporous silica and porous PLGA respectively. This proved that drug release from porous substrates is usually diffusion controlled, where liquid diffuses inside the pores and solubilizes the drug to be released. The release from CS based systems was also reported to be diffusion dependent [47] , hence, the CS coating just slowed down the diffusion process rather than affecting the release kinetics. Although the R 2 in case of uncoated MPs was much lower than that of coated MPs, it still fitted the Higushi equation best. This linearity deviation would be due to the high initial burst achieved by the high porosity of the MPs. PLGA MPs possess large interconnected macropores which allowed large amounts of release medium to enter the particles in a short time and thus the release of the drug-dye conjugate occurred rapidly. In order to confirm the predominance of diffusion over polymer erosion in insulin release from both formulae; Kopcha equation was applied.
where A and B are the diffusion and erosion terms respectively. When A / B > 1, diffusion prevails and vice versa [47] , in our case, A / B is 3.85 and 4 for CS-PLGA and uncoated PLGA respectively indicating that diffusion prevails in the examined release portion.
Determination of insulin structural integrity
Both coated and uncoated MPs were suspended in 0.1 M HCl and the extracted insulin samples were run against standard insulin in SDS-PAGE. In Fig. 7 A, the bands of all the tested samples appeared nearly at the same distance as that of standard insulin parallel to a 5 kDa molecular marker which is equivalent in Mwt to insulin hexamer. The bands were intact with no streaking and there weren't any signs of bands of smaller size suggesting the absence of any fragmentations in insulin structure. There were also no bands at earlier distance which represent larger size confirming the absence of any aggregates. Fluorescent spectroscopy was also used to detect changes in insulin tertiary structure. This technique depends on the fluorescence of the four tyrosine residues in insulin structure at 307 nm [48, 49] . The fluorescence maxima for insulin samples in 0.01 M HCl were measured and compared to that of standard insulin as well as denatured insulin. Fig. 7 B shows the fluorescence spectra of insulin released from selected uncoated and CS coated PLGA formulae versus standard native insulin. All spectrofluorimetric spectra for insulin from different formulations had the same emission maxima at 307 nm compared to that of the denatured peptide which appeared at 332 nm, suggesting the absence of any structural changes of insulin released from the selected formulae. The preservation of insulin released from all formulae compared to native insulin confirms the intact conformation of the released insulin and hence the maintenance of its activity after loading. On the other hand, the red shift of the emission maximum from 307 to 332 nm that appeared with the denatured insulin suggests peptide unfolding and potentially the increased exposure of tyrosine [50] . Hence, we can conclude from in vitro data that the insulin released from both coated and uncoated formulae retains its size and tertiary structure.
Pharmacological activity of insulin loaded on MPs
For further assessment of the protecting effect of MPs on insulin integrity in the GIT, both coated and uncoated formulae were administered to rats then blood glucose was measured at several time intervals and the percent blood glucose reduction was calculated in comparison with SC and oral insulin suspensions. As shown in Fig. 8 , insulin suspension administered orally showed no reduction in blood sugar due to the physical and chemical barriers against macromolecule absorption that occurs in the GIT [7] . In contrast, SC administration resulted in a rapid decrease in blood glucose levels reaching 15.8% ± 4% in the first hour and lasted for only 2 h before it rose again. Therefore, at least 2 daily injections are required for maintaining normal insulin level for diabetic patients [35] . As for all oral formulae, they proved to be significantly effective ( P < 0.001) in reducing blood sugar relative to oral suspension reaching a reduction level of 47.9% ± 2% from coated PLGA. Although, the coated formula didn't significantly ( P > 0.05) differ in the magnitude of glucose reduction from uncoated counterpart, it increased the duration of action to over 8 h compared to uncoated preparation which lasted for only 4 h, indicating the sustained effect induced by CS coating. Despite the fact that the in vitro data showed faster release from CS coated PLGA particles at low pH simulating gastric acidity, the in vivo data still showed a sustained blood glucose reduction indicating a long residence time for the MPs in the GIT. This difference may be due to the fact that the MPs are administered as oral suspension which can pass the stomach of fasted rats rapid enough before CS could be dissolved at the gastric pH hence insulin loaded MPs can adhere to the upper intestinal wall (pH 5.5-6.5) where it would most likely be absorbed via insulin receptors on the enterocytes present in this region [51] . The sustained effect observed after oral administration can be attributed to the mucoadhesive action of CS along the absorption sites in GIT where CS adsorption to mucin is optimum. It is reported that mucin lining the GIT has an isoelectric point of 3 meaning that it's positively charged in stomach pH 1.2 and negatively charged in upper intestinal pH (above 5.5) [33] . Accordingly, despite the high protonation of CS in low pH, mucoadhesion is minimal while it's strong in that of upper intestine. For this reason, we can observe a sustained blood glucose lowering for the CS coated MPs. Similarly, many researchers were able to prove the sustained oral glucose reduction effect caused by CS coating of PLGA nanoparticles [5, 52] . The second hypothesis would be that CS opens temporarily the tight junctions of the epithelial cells lining the GIT thus placing more insulin at the absorption site [34] . In addition, the higher insulin loading caused by CS coating also increased the amount of intact insulin remaining in contact with GIT mucosa for a longer time interval. Moreover, the small insulin absorption window occurs at the upper intestine pH (5.5-6.8) where the solubility of insulin is minimum [53] , this offered slower release and maximum absorption from the CS muco-adhered MPs. From the pharmacodynamic data, coated MPs showed biphasic pattern in which blood sugar rises slightly to 70% after the first hour before decreasing again to maintain about 50% blood glucose reduction for 8 h. The reason for this may be due to surface insulin released from CS coat followed by the subsequent release from the pores. A similar pattern was observed from the uncoated PLGA MPs because of the high initial burst release associated with PLGA MPs due to weak interaction between insulin and PLGA.
From AAC measurements ( Table 6 ), the BA rel showed a remarkable increase by coating of PLGA reaching 11.52% when compared to 7.34% for uncoated MPs counterparts. The rise in BA rel is due to the high loading capacity and protection ability achieved by CS coating. Accordingly, in vivo experiments con- firmed the preservation of insulin activity both after loading and absorption from the GIT from the selected formulae.
Conclusion
We represent in this article for the first time the use of double freeze-drying as a novel technique for introducing a chitosan coating layer to block the surface pores of insulin loaded PLGA MPs and increase the loading capacity in the same time. The loading data proved that the new method could dramatically increase the amount of insulin loaded on the MPs. The LC% was dramatically increased to 20% and this makes it the highest reported loading capacity for a protein cargo into porous polymeric MPs among the recently published literature [16, 28] . The LC% depended on both CS concentration and Mwt in an inverse relation after threshold concentration of 5 mg/ml. In addition, the insulin structural integrity was intact after loading as proved by SDS-PAGE and fluorescent spectroscopy. Furthermore, the release from coated MPs was more sustained and the oral BAV reached 11.52% for CS coated porous PLGA. Finally, pharmacodynamic in vivo studies of CS coated porous PLGA MPs using double freeze-drying technique has proved that these systems can be effective in the oral administration of macromolecules. However, further studies are still recommended to investigate insulin biodistribution and adjust the oral dosage regimen.
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